Abstract-Recent imaging has revealed that in vivo contact deformations of human knee cartilage under physiological loadings are surprisingly large-typically on the order of 10%, but up to 20 or 30% of tibiofemora cartilage thickness depending on loading conditions. In this paper we develop a biphasic, large deformation, non-linear poroelastic model of cartilage that can accurately represent the time dependence and magnitude of cyclic cartilage deformations in vivo. The model takes into account cartilage tension-compression nonlinearity and a new constitutive relation in which the compressive stiffness and hydraulic permeability of the cartilage adjusts in response to the strain-dependent aggrecan concentration. The model predictions are validated using experimental test results on osteochondral plugs obtained from human cadavers. We find that model parameters can be optimised to give an excellent fit to the experimental data. Using typical hydraulic conductivity and stiffness parameters for healthy cartilage, we find that the experimentally observed transient and steady state tissue deformations under cyclic loading and unloading can be reproduced by the model. Steady state tissue deformations are shown to cycle between 10% (exudation strain) and 20% (total strain) in response to the cyclic test loads. At steady-state cyclic loading, the pore fluid exuded from the tissue is exactly equal to the pore fluid imbibed by the tissue during each load cycle.
INTRODUCTION
The primary function of cartilage is to protect articulating joints from damage and wear under the large contact forces experienced during daily physical activities. The ability of cartilage to maintain its physiological function in this hostile mechanical environment depends on the tissue's ability to avoid excessive tissue strain, extracellular matrix (ECM) degradation and cell death. In cartilage this seems to be achieved by linking appropriate ECM biosynthesis to tissue deformation. 3 Dynamic compression of cartilage induces deformation of chondrocytes, gradients in hydrostatic pressure and corresponding intra-tissue fluid flow, which together stimulate ECM biosynthesis (and consequently changes tissue osmotic swelling pressure and thereby tissue resistance to compression). 2, 8, [17] [18] [19] 39, 43 Further, interstitial fluid flow resulting from dynamic loading also plays a role in the transport behaviour of solutes (e.g., insulin-like growth factors, glucose, oxygen, etc.) within the tissue. 15, 16, 52, [54] [55] [56] [57] 59, 60 The mechanical behaviour of cartilage is largely determined by the interactions between interstitial fluid, the proteoglycan aggrecan and Type II collagen. 18 Approximately 10-30% of cartilage's dry weight is proteoglycan. 36 Aggrecan is a major component of the cartilage ECM (MW~1-3 MDa). 20 Up to 100 aggrecan molecules can bind to hyaluronic acid, and once stabilized by link protein, forms huge polymers known as aggregate (>200 MDa). Each aggrecan monomer contains up to~100 highly negatively charged chondroitin sulfate glycosaminoglycan (GAG) chains that attract counter ions within the tissue, 31 thereby generating an osmotic pressure that contributes significantly to the equilibrium compressive stiff-ness of cartilage. 9, 14, 30, 49 Further, the densely packed GAG chains provide the principal resistance to intratissue fluid flow. The aggrecan content normally increases from the superficial zone to deep zone, which contributes to the depth-dependent inhomogeneity in the mechanical properties of cartilage. 49 About two-thirds of the dry weight of adult articular cartilage is collagen. The heteropolymeric type II/ IX/XI collagen fibrils forms a cross-banded network throughout cartilage, providing the main contribution to cartilage's tensile and shear strength. 50 The collagen network within cartilage is in a state of tensile prestress, and it constrains the loss of aggrecan from the matrix. 23, 45 Net loss of aggrecan from the collagen network (via proteolytic and/or advective and diffusive transport mechanisms), causes the cartilage to undergo excessive deformation, which further increases cartilage degradation and wear with use 28 (i.e., aggrecan loss has a direct mechanical effect on matrix integrity). When the joint can no longer function properly, as determined by clinical criteria, it is said to be diseased.
In the cartilage superficial zone, the collagen fibrils are densely packed and oriented parallel to the articular surface; the aggrecan content is low. In the middle zone, the collagen is more randomly oriented and the aggrecan content increases. In the deep zone, the collagen fibrils are larger and are typically oriented perpendicular to the articular surface, and the aggrecan content reaches a maximum. 44, 45 Thus, as with aggrecan, the composition and spatial arrangement of collagen helps define the heterogeneous mechanical behaviour of cartilage.
The rate of fluid flow exiting the cartilage surface is strongly correlated to the degree of deformation caused by dynamic loading. To study the load-deformation response of cartilage in detail, Barker and Seedhom 3 applied cyclic loading to osteochndral plugs taken from human cadaveric knees. Under controlled laboratory conditions, they applied loads to the surface of the cartilage using a plane-ended impervious indenter 3 mm in diameter. Based on the measurement of 'total' and 'exudation' strains during loading and recovery phases of each cycle, they proposed an empirical viscoelastic model to estimate the timedependent total and exudation strains assuming a constant Young's modulus for the cartilage. The difficulty with viscoelastic models of poroelastic phenomena is that the parameters estimated for the constitutive law are problem specific (they are not true material properties tied back to ECM content), and so the parameters cannot be used for different geometries, boundary conditions or material properties. Our overall objective is to develop a parsimonious, nonlinear poroelastic model to interpret the experimental data for these human cartilage samples.
Many computational models of articular cartilage attempt to capture the experimentally observed deformation behaviour of cartilage using a constant (equilibrium) Young's modulus and permeability. 32, 46 Unfortunately these models have limited capability for capturing the tissue response to a variety of loading conditions, because it is known that both the compression and permeability response of cartilage are actually highly non-linear. The problem is further complicated due to the fact that cartilage exhibits a so-called ''tension-compression nonlinearity'' behaviour. 6, 24, 46, 53 Experimental studies have shown a linear relationship on a log-log plot between cartilage permeability and the aggrecan volume fraction. 51 Most importantly, by using a constant aggregate modulus and permeability, these conventional models may not be able to provide a realistic prediction of the large deformation response of cartilage tissue subject to external cyclic loading.
Many sophisticated models capturing various aspects of cartilage behaviour have been proposed (e.g., biphasic, 12, 35, 47 triphasic, 1, 27, 48 quadri-phasic 29 models). However, we believe there is a need for a simplified biphasic model that can be used to give a reasonably accurate approximation to the time evolution of the strain state within full thickness cartilage under low frequency cyclic loads, as experienced during activities such as running and walking. Bearing in mind that cartilage is a dynamic living tissue that is continually damaged and repaired (and so there is a need to include ECM turnover in future models), this model was purposefully designed to be a balance between accuracy, flexibility (i.e., so the model can be calibrated against test measurements made on human cadaver specimens) and tractability.
To overcome the limitations of a constant cartilage Young's modulus, constant cartilage permeability and to account for large deformations, in this study we introduce a new constitutive relation in our poroelastic model, which links the compressive stiffness and permeability to aggrecan volume fraction via the volumetric strain of the tissue. Further, the significant difference in magnitude between the cartilage stiffness in tension and compression is also included in the model. In the following, critical model parameters are indentified by calibration against the experimental results of Barker and Seedhom. 3 The model is then used to investigate the large deformation behaviour of human osteochondral plugs under cyclic loads.
Here we note that the applicability of this model is restricted to a constant isotonic salt concentration bathing the cartilage tissue (i.e., the salt concentration found under physiological conditions). In practice this restriction is not significant because in vivo, the salt concentration of the blood (and by extension the synovial fluid) is very closely controlled by the kidney, and so may reasonably be assumed to be invariant. To ensure that the entropy inequality is maintained at all times, we also require that the matrix of coefficients relating hydraulic flow to fluid pressure and electrokinetic fluxes to a voltage, together with their 'crosscoefficients', must be of positive-definite quadratic form and so satisfy Onsager's entropy inequality requirements. With these qualifications the model is thermodynamically admissible. Should ion migration processes be of interest to an investigator, then a more appropriate fully coupled theory should be employed (e.g., a fully coupled phenomenological theory or quadriphasic theory 29 ). The research outcome of the current study shows that a realistic non-linear constitutive model within a poroelastic framework can replicate human cadaver data involving large deformations using a relatively simple biphasic model. The simplicity of this model provides a tractable computational model that can be expanded in the future to incorporate reactive-transport of many different molecules together with the homeostatic processes known to be important for maintaining healthy cartilage.
MATERIALS AND METHODS
In this study, we wish to reproduce the experimentally observed deformation behaviour of osteochondral plugs obtained from cadaveric knees. The test specimens were subjected to cyclic loading, comparable in load magnitude and frequency to that experienced during walking, delivered using a specialized indentation apparatus (Fig. 1) . 3 The hemispherical or flat indenter used in the testing can be treated as an axisymmetric loading on the surface of the cartilage. The biomechanical behaviour of cartilage is modelled using the theory of porous media. 37, 38, 54, 55, 58 A particular constituent of fluid-filled cartilage tissue is considered occupies a domain X 0 a , i.e., solid phase (a = s) or fluid phase (a = f). The sum of volume fraction of solid phase (/ s ) and volume fraction of fluid phase (/ f ) must satisfy / s + / f = 1. The time-dependent position of the particle in the current Eulerian configuration X t is given by
where X a is the position of the a-constituent in material coordinates and u a is the a-constituent displacement.
Conservation of Mass
Conservation of mass of the solid phase and fluid phase leads to
where v s and v f are the velocity of solid and fluid phase respectively, and Ñ AE denotes the divergence operator.
Conservation of Momentum
Ignoring the body and inertial forces, the momentum equation of the solid phase is given by
where r a is the Cauchy stress tensor for the a-constituent and p a is the momentum exchange between the phases. Again assuming intrinsically incompressible constituents, the Cauchy stress tensors of the solid and fluid phases are defined as
where r E s is the incremental elastic stress resulting from solid deformation due to loading, I is the identity tensor and p is incremental interstitial fluid pressure. The solid constituent stress in spatial coordinates (i.e., the Cauchy stress) is given by
where U(u s ) is the Helmholtz energy per unit reference volume stored in the solid (i.e., the strain energy density), F s is the deformation gradient of the solid phase,
s is the right Cauchy-Green deformation tensor of the solid phase, and J s = det F s is the volume change of solid phase.
Darcy's Law
By defining all fluid quantities with respect to the solid phase, we obtain
where Ñ 0 is the material gradient operator on X 0 s , k is the Lagrangian permeability tensor, and W the Lagrangian fluid velocity relative to the solid phase, that is the material time derivative of Lagrangian relative fluid displacement W, which is defined as
In addition, the Lagrangian permeability tensor is given by
Tension-Compression Behaviour of Cartilage ECM
Experimental studies have shown that cartilage responds differently in tension and compression, and exhibits a so-called ''tension-compression nonlinearity'' behaviour. 6, 24, 46 Soltz and Ateshian 46 proposed that the mechanical behaviour of cartilage's solid phase can be described by the ''orthotropic octant-wise linear elasticity'' model of Curnier et al. 11 Thus, the elastic stress r E s resulting from solid phase deformation in Eq. (4) is replaced by
where E is the strain tensor, A a = a a a a the texture tensor corresponding to each of the three preferred material directions defined by unit vector a a (a a AE a a = 1, no sum over a), and the term [A a :E] represents the component of normal strain along the preferred direction of the unit vector a a .
Volumetric Strain Dependent Aggregate Modulus (H 2A )
Experiments have shown that there a significant positive correlation between aggrecan content and compressive stiffness of the cartilage. 30, 49 It is assumed that the aggregate modulus of cartilage, H 2A is dependent on the change of aggrecan volume fraction (D/ G ) induced by the strain during cyclic loading. That is,
where
Here / G0 is the initial aggrecan volume fraction when cartilage is under no external loading It is noted that 1% / G is the approximately the same as an aggrecan concentration of 18.4 mg of aggrecan/ml of cartilage tissue. 4 a 1 (MPa) and a 2 (MPa) are empirical constants to be fitted, but are required to be consistent with the study on human cartilage by Treppo et al. 49 D/ G is the change of aggrecan volume fraction due to volumetric strain, e V = J s 2 1, which can be expressed as
Using Eq. (12a), the aggregate modulus of cartilage can be expressed as
Substituting Eqs. (12a, 12b), (13) and (14b) into (14a) leads to
Aggrecan Content Dependent Hydraulic Permeability
It is known that there is an inverse relation exists between cartilage aggrecan content and the hydraulic permeability of cartilage. 29, 51 Strains are induced in the cartilage tissue by surface loading, and it is necessary to modify the cartilage hydraulic permeability as a result of the change of aggrecan volume fraction (D/ G ) (Eq. 12b). Consistent with the use of aggrecan concentration as a key factor contributing to the material properties of cartilage, we also use the aggrecan concentration to change the permeability of the cartilage tissue. To do this, we use the experimentally observed linear relationship on a log-log plot between cartilage permeability and GAG volume fraction found by Zamparo and Comper,
where j (m 4 /Ns) is cartilage hydraulic permeability, l (Ns/m 2 ) is water viscosity at 37°C. n (m 2 ) and dimensionless m are parameters that determine the line equation on a log-log plot for the relationship between j and / G . Note that for simplicity, we have taken the aggrecan concentration to be the equal to the GAG concentration. It is mentioned here in passing that m is a negative dimensionless parameter, which indicates that permeability decreases with increasing / G .
Boundary Conditions
As shown in Fig. 1 , the cylindrical cartilage specimen is loaded by a flat ended impervious indenter, and so it is reasonable to assume that there is no flux under
At the outer edge of cartilage (i.e., r = r 0 ),
Initial Conditions
At t = 0, the equilibrium displacement of the cartilage solid matrix, the interstitial fluid pressure and velocity are set to zero throughout the cartilage tissue. The depth dependent initial equilibrium concentration is obtained as part of the calibration process in ''Results and Discussion'' section.
Numerical Methods
The numerical solutions to the problem were obtained using the poroelastic model in the commercial Finite Element package COMSOL MULTIPHYSICS, which solves for the mechanical quantities (e.g., time dependent interstitial fluid and deformation of the solid matrix) in a material coordinate system. 10 The applied cyclic load was discretized into time steps. At each time step, the displacement of solid phase, the interstitial fluid pressure and fluid velocity were determined. A two-dimensional axisymmetric domain used 500 triangular elements with quadratic interpolation functions for all calculations, with a relative tolerance set to 10
23
. The FEM discretization of the time-dependent PDE was solved using an implicit solver of COMSOL MULTIPHYSICS. 10 The material parameters used in the model are shown in Tables 1 and 2 , which are typical for human knee cartilage. 
RESULTS AND DISCUSSION
The experiments of Barker and Seedhom 3 explored the deformation response of osteochondral plugs under a cyclic loading, with the cyclic load timing and magnitude set to approximate physiological loads experienced during walk-cycles in human adults. In Barker and Seedhom's 3 experiments, cartilage specimens were obtained from human cadaveric knee joints. Osteochondral plugs were placed into Hanks' balanced salt solution and subjected to cyclic loading using a plane-end impervious indenter (3 mm in diameter). The applied cyclic loading cycle was chosen to approximate typical walking cycles as shown in Fig. 1,  i. e., the duration of a cycle = 1 s, the load rise time = 20 ms, the peak stress = 1.4 MPa, the duration of loading phase = 330 ms and the duration of recovery phase = 670 ms. Load and displacement measurements were performed during loading and recovery phases, respectively, for each load cycle.
Our aim is to now identify a set of poroelastic model parameters that describes the experimentally observed time-dependent deformation response of cartilage under cyclic loading. To do this we need to fit an initial aggrecan volume fraction, the values for parameters a 1 and a 2 in Eq. (12b), while requiring the fitted values to be consistent with the data observed in the experimental study of Treppo et al. 49 reports measured strain-dependent aggregate modulus of cartilage in compression. We also need to fit the values for parameters n and m in Eq. (16), while requiring them to be consistent with the data observed in the study of Zamparo and Comper 51 . The values of other parameters used in this study were fixed, as shown in Tables 1  and 2 . Figure 2 compares our optimized model results with the experimental data from specimens labelled A_LPS (Fig. 2a) and C_LFC (Fig. 2b) in the Barker and Seedhom. 3 For specimen A_LPS, parameter values used in the model predictions were taken to be a 1 = 0.25 MPa, a 2 = 0.0155 MPa, n = 6.77 9 10 222 m 2 , m = 22.37, initial aggrecan volume fraction / G0 (z = 0) = 2.7% and / G0 (z = h) = 4%, whereas for specimen C_LFC, initial aggrecan volume fraction was found to be / G0 (z = 0) = 2.2% and / G0 (z = h) = 3.2%, and n = 4.17 9 10 222 m 2 with no change of other parameters.
The selected initial aggrecan concentration falls within the range of measured aggrecan concentration in cartilage. 49 Further, the initial value of hydraulic permeability j is consistent with the findings of previous experimental studies (i.e., 125 9 10 215 m 4 / Ns). 32, 35 It can be seen that numerical results with volumetric strain dependent aggregate modulus and permeability can fit experimentally measured exudation and total strains very well.
As shown in Fig. 2c , there are two deformation processes with different time scales. The first is the consolidation of the cartilage (a relatively slow process), while the second process is the strain of the cartilage due to an individual load cycle (a relatively fast process). The cyclic strains form an 'envelope' as the consolidation process evolves. We refer to the top of the envelope as the 'exudation strain', while the bottom of the envelope is referred to here as the 'total strain' (see Fig. 2c ).
Importantly, if instead of our model presented above we assumed a constant aggregate modulus (H 0 ), we find that the model can only capture the measured deformation behaviour of cartilage at initial loading (i.e., first 400 s), but not the later times. A constant aggregate modulus may result in significant overestimation of both exudation and total strains with the increase of loading time. This highlights the importance of using a strain dependent aggregate modulus.
In our model the parameters a 1 and a 2 govern the influence changes in the aggrecan content during deformation has on the compressive stiffness of cartilage ECM, refer to Eq. (12a). The effects of the variation these two model parameters have on both total and exudation strains are shown in Fig. 3 . A two-fold increase of a 1 shifts both exudation strain and total strain curves up (i.e., towards smaller strains), while simultaneously closing the distance between these two curves. On the other hand, although a twofold increase of a 2 shifts both exudation strain and total strain curves up, there is little change in the distance between these two curves. This difference in the relative effects that the parameters a 1 and a 2 have on the load deformation cyclic loading envelope shows they contain different information about the non-linear stiffness response of the cartilage tissue. Importantly, the two degrees of freedom permitted by the parameters a 1 and a 2 enables our constitutive model to be adjusted to closely match both exudation and total strain curves observed in the experiments. As shown in Eqs. (12a)- (15), the mechanical properties of cartilage in compression is determined by the aggrecan concentration within the tissue. We note that the aggrecan content of articular cartilage varies between different joints and at different sites within joints, but this model is capable of capturing the tissue response to variations of initial aggrecan content between joints and within joints.
Under external loading, the change of volumetric strain results in the variation of aggrecan concentration which modifies the aggregate modulus, and ultimately the deformation response of cartilage. Figure 4 shows the volumetric strain at four different depths from the cartilage surface to the deep zone. It can be seen that the volumetric strain significantly increases from the deep zone to the superficial zone (the magnitude of the volume strain in the superficial zone is more than three-fold higher than it is in deep zone). In addition, the volumetric strain changes rapidly during the first 500 cycles (duration of each cycle is 1 s), as the fluid is squeezed out of the tissue during this initial loading stage.
For the cartilage tissue to survive the challenging external mechanical conditions, cartilage homeostatic responses are tuned to adjust matrix biosynthesis and ECM turnover. The properties of the ECM reach a steady state based on intra-tissue chemical and mechanical stimuli detected by the chondrocytes. Important signals detected by chondrocytes centre on the local aggrecan concentration, the local strain profile and the local hydrostatic pressure distribution. Note various studies postulated that articular cartilage superficial and upper transitional zone represents an important signalling centre that is involved in regulation of tissue homeostasis. 13, 33 Our findings suggest that the superficial and upper transitional zones may be vulnerable to injury arising from excessive deformation (e.g., during traumatic joint injury) which may lead to the development of OA. 25 Figure 5 shows the depth dependent percent increase in the maximum: (a) aggrecan volume fraction, (b) aggregate modulus (H 2A ), and (c) interstitial fluid pressure for different numbers of loading cycles (Specimen A_LPS). The time-dependent percent change is calculated by using the maximum aggrecan volume fraction, aggregate modulus and interstitial fluid pressure in first loading cycle as the reference state. As shown in Fig. 5a , for the long time scales, the volumetric strain during cyclic loading corresponds to around a 200% increase of aggrecan concentration in the superficial zone and around a 60% increase in the deep zone. In turn these changes in aggrecan concentration correspond to around 100% increase of H 2A near the cartilage surface and 25% in the deep zone (Fig. 5b ). In addition, as shown in Fig. 5c , the steadystate interstitial fluid pressure will decrease 60% near the cartilage surface and 40% in the deep zone compared to that at initial stage of loading, which means significant amount of load will be transferred to the ECM at steady-state.
In vivo studies of the cartilage deformation response to dynamic exercise show that cartilage takes time to recover it initial shape following loading.
14 In this study, we conducted a series of numerical experiments to understand the deformation recovery behaviour of the cartilage osteochondral plugs after different numbers of loading cycles. It can be seen from Fig. 6 that the absolute time for recovery is very similar once the exudation deformation approaches a large proportion of its steady-state value (i.e., 2170 s vs. 500 cycles; 2360 vs. 1000 cycles; 2460 vs. 2000 cycles; 2470 vs. 3000 cycles). The results suggest that after reaching steadystate deformation under the laboratory test conditions, the osteochondral plugs require around 40 min to fully recover after the loading is removed. We note that an in vivo study by Eckstein et al.
14 revealed that a period of 90 min was required for patellar cartilage to fully recover its initial profile after 100 knee bends. 14 Over short time scales, the amount of fluid that is squeezed out of the tissue during the loading phase within a loading cycle is greater than that being imbibed during the unloaded phase of the cycle. Consequently, this imbalance leads to a significant increase in tissue deformation over time. The loss of fluid implies that some portion of deformation at the cartilage surface is not fully recovered during a loading cycle, which results in what we refer to as 'exudation strain'. At long time scales, the amount of fluid squeezed out with each load cycle is exactly equal to the amount imbibed during unloading cycle, and so both total and exudation strains gradually reach an equilibrium with this steady state fluid oscillation.
Numerous studies have reported the effects of strain dependent permeability on cartilage deformation over the last decade. 21, 26, 34, 40, 41 It has been observed that cartilage permeability strongly depends on deformation, with a reduction of approximately 50% in permeability for a 10% volumetric compression. It is also known that hydraulic permeability increases significantly with age, 42 and this increase could affect the time dependent deformation behaviour of cartilage under external loading. Figure 7 investigates the effects of the magnitude of initial permeability (j 0 ) [which is estimated from the initial aggrecan volume fraction using Eq. (16)], on the exudation and total strain respectively. A higher permeability is seen to significantly reduce the time for the tissue deformation to reach its steady-state by allowing interstitial fluid to more rapidly flow out of the tissue under external loading.
The model was then used to predict the deformation response of cartilage under various loading conditions. As shown in Fig. 8 , by fixing the loading duration of a loading cycle (i.e., 1 s), the effects of the loading-torecovery ratio (t l /t R ) on time dependent total and exudation strains are explored. The load-deformation response of the tissue under cyclic loading is also compared to that for a constant loading with a magnitude of P max (1.4 MPa). It can be seen that for an increasing loading-to-recovery ratio, the total strain gradually approaches that for the constant loading. This shows that there is a significant variation in deformation response of cartilage with the fraction of time spent loaded during in each load cycle. Our previous studies 15, 54, 56 have demonstrated that the interstitial fluid flow induced by cyclic loading enhances the transport of solutes (e.g., IGF-I) into cartilage, and that a combination of higher loading frequencies (e.g., 1 Hz) and high strain amplitude (e.g., 10%) results in the greatest transport enhancement. We also note that as both experimental and theoretical studies have also shown a strong correlation between interstitial fluid flow, transport and chondrocyte mediated ECM biosynthesis, 7, 55, 57, 59 the current model will enable more accurate prediction of cartilage homeostasis on account of having more realistic information about the deformation and interstitial fluid velocities within the tissue. A summary of the main results are as follows:
The depth dependent deformation, stiffness and permeability responses of human cartilage upon commencement and cessation of cyclic loading have been quantitated in detail for a particular explant experimental system.
It has been shown that the load-deformation response of human cartilage tissue can be accurately represented using a biphasic nonlinear poroelastic model with volumetric strain dependent aggregate modulus and permeability. Experimentally measured exudation and total strains on human cartilage explants can be fitted very well using a minimal set of model parameters that are consistent with the published literature. The volumetric strain is largest in the superficial zone and decreases with depth, being least in the deep zone. The volumetric strain changes rapidly during the initial stage of loading as net fluid is squeezed out during consolidation of the tissue.
A higher permeability significantly reduces the time for the tissue deformation to reach its steady-state by allowing interstitial fluid to more rapidly exit the tissue under external loading.
There is a significant variation in deformation response of cartilage under cyclic loading depending on the loading-to-recovery ratio within a load cycle.
